The total surface stress measured in vitro on acetabular cartilage when step-loaded by an instrumented hemiprosthesis are partitioned into fluid and cartilage network stresses using a finite element model of the cartilage layer and measurements of the layer consolidation. The finite element model is based on in situ measurements of cartilage geometry and constitutive properties. Unique instrumentation was employed to collect the geometry and constitutive properties and pressure and consolidation data. When loaded, cartilage consolidates and exudes its interstitial fluid through and from its solid network into the interarticular gap. The finite element solutions include the spatial distributions of fluid and network stresses, the normal flow velocities into the gap, and the contact network stresses at the cartilage surface, all versus time. Even after long-duration application of physiological-level force, fluid pressure supports 90 percent of the load with the cartilage network stresses remaining well below the drained modulus of cartilage. The results support the "weeping" mechanism of joint lubrication proposed by McCutchen.
Introduction
Normal synovial joints generate little friction (reported values for cartilage-on-cartilage coefficient of friction are in the range from 0.002 to 0.02) even when subjected to high loading (forces exceeding five times body weight have been measured across the human hip joint [1] ) and with modest gliding speeds (0.0 to 0.3 m/s). The lubrication mechanisms of human-engineered bearings-hydrodynamic, elastohydrodynamic, boundry, squeeze-film-as well as unique schemes, "weeping" and "boosted," have been invoked to explain this performance. However, "evidence to support the various hypotheses has often been indirect and conjectural." [29, p. 5.17] . The degradation of cartilage in osteoarthritis has further motivated the search for understanding the mechanisms of normal and pathological synovial joint tribology; degeneration of the major load-bearing joints of the human is prevalent, debilitating and costly [14] . The etiology of this disease is unknown, in part because it takes so long to develop-a decade or more likely passes before the aneural cartilage has fissured to the point where bone contact instigates pain. That mechanical factors may contribute to the initiation or progression of cartilage destruction [35] is suggested both by the high loads the joints support and the absence in cartilage of the usual mediators of physiological communication-cartilage tissue is avascular as well as aneural. Thus, cartilage cells (chondrocytes) may depend upon the mechanical environment to control their function as well as to transport nutrients and metabolites [6, 7, 17, 20, 34] . Quantifying the relevant physical parameters in the joint, i.e., cartilage stress, fluid pressure and flow, energy ' Please address correspondence to Robert W. Mann dissipation via friction and consequent temperature rise, appears central to enhanced understanding.
In its normal state, cartilage is a network of collagen fibers and hydrophyllic proteoglycans, saturated (70 to 80 percent by weight) with water. When disks of cartilage, either separated from or attached to the underlying bone, are loaded via a porous platen which permits expression of the interstitial fluid, the drained modulus of the human or bovine tissue network is measured to be about 1 MPa [15] . This is the modulus measured a long-ideally infinite-time after the change in loading so the interstitial fluid pressure approaches zero. By contrast, measurements of local contact pressures between the natural acetabular cartilage of the human hip joint and a wellfitted femoral head endoprosthesis with integral instrumentation, in vitro [31, 33] and in vivo [10, 11] , have recorded typical maximum pressures of 5 MPa in gait, rising to as high as 18 MPa as the patient rose from a chair. Such pressures are clearly beyond the intrinsic load-carrying capability of the cartilage network per se.
Of the various lubrication mechanisms proposed to explain synovial joint performance, only the self-pressurizing "weeping" lubrication proposed by McCutchen in 1959, [23] , is consistent with both the loading and movement imposed and the high pressures measured in the joint in vitro and in vivo. In 1975, McCutchen [25] modeled the fluid flow when opposing networks of cartilage touch. Fluid is expressed normal to the cartilage surface due to cartilage compression, and also tangentially through the cartilage layers. He estimated that cartilage network stress was minimized when tangential flow within the cartilage layer was about the same as gap flow. Kenyon [13] analyzed, and Dent [3] measured using cartilage disks, the gap resistance to flow. Gap resistance depends on the thickness of the interarticular fluid film which in turn is influenced by cartilage surface geometry and the effective lengths of the fluid flow paths. In the natural global joint these three parameters vary with time as the cartilage network consolidates under load and the average gap decreases.
An analytical study by Mow and Lai [28] modeled the system with boundary conditions represented by a loaded, free-draining slider moving over a layer of cartilage. Their conclusion was that "normal articular cartilage yields its interstitial fluid by circulatory flow pattern where both fluid exudation and imbibition occur simultaneously." However, the boundary conditions defined by a free-draining slider are quite unlike those in a normal joint with opposing layers of cartilage. In particular, with a free-draining slider fluid pressure at the surface cannot be maintained, nor the opposing load supported, except by the solid network.
In the study reported here, a combined experimental/analytical approach has eliminated the need to model the boundary conditions. In our physical experiments a layer of natural acetabular cartilage, intact on the pelvis, is opposed to an impervious loader in the form of a well-fitted metal sphere, mimicking the common clinical hemiarthrosis. A unique set of instrumentation was developed and employed to measure under identical loading conditions: (/) the total surface stress on the acetabular cartilage layer and (if) the layer consolidation. Other in situ measurements produced data on the layer geometry and constitutive properties. These were used in a finite element model of the layer which allowed for both elastic deformation and fluid flow. An analytical procedure was devised to resolve the combined deformation and fluid flow, satisfying both the total stress and consolidation measurements. As the result, the total surface stress could be partitioned into solid (loader-to-network) and fluid components. Distribution of the fluid flow feeding the gap, i.e., "weeping" of the layer, is also calculated. All of these measurements and calculations were done as functions of time, up to 20 min post loading. Significant temporal changes were observed and are discussed.
Methods-Experimental
The topographies of the surface of the intact acetabular cartilage layer and of the underlying cartilage-bone interface were measured using a non-contact ultrasonic technique described by Rushfeldt [31, 32] and validated against optical measurements by Modest [27] . These data were used to calculate the cartilage layer thickness distribution. The particular acetabulum data presented here are from a 78 kg male selected from those available to best-fit the instrumented pseudo-endoprosthesis; our prior studies have demonstrated the importance of proper prosthesis fit on cartilage pressure distribution [9] . The cartilage was judged clinically to be in excellent condition.
The cartilage constitutive properties (local modulus and permeability and the topographical distributions thereof) were measured in situ using osmotic loading [42] . The techniques were inspired by the osmotic loading experiments of Maroudas et al. [22] done on isolated cartilage samples (measuring only equilibrium states of hydration) and by kinetics of swelling experiments of Tanaka et al. [37] . Polyethylene glycol (PEG 20000) solutions were prepared by dissolving 100 to 250 g of PEG in 11 of 0.15 M NaCl. The corresponding osmotic pressures are 0.1 to 0.6 MPa [22] . The PEG solutions were enclosed in sacs of Spectrapor 2 dialysis tubing (MW cutoff 12-14000), with the sacs not fully filled. The saline bath level was lowered and a PEG sac positioned in the acetabulum, totally covering the cartilage. After 2 to 3 hours the sac was removed (initial experiments for longer times produced no additional consolidation of the cartilage) and the saline bath was restored. The time response of the surface displacement was measured by repeatedly scanning the cartilage surface by ultrasound during the swelling cycle. From the known osmotic pressure, local cartilage thickness, and the local surface swelling response, the local cartilage permeability and the local stiffness were cal- culated. Using data at numerous locations the overall distribution of these parameters was established.
The total stress distribution on the surface of the acetabulum cartilage was measured by the pressure-instrumented pseudoendoprosthesis [33] mounted in the M.I.T. Hip Simulator [21] , Fig. 1 . The inverted acetabulum was immersed in a bodytemperature saline bath and abrupt (step) loads of 225, 450, and 900 N were applied and maintained. Contour plots (isobars) of the total surface stress at time intervals of 0, 1, 2, 3, 5, 10, 15, 20, 25, and 30 minutes after loading were generated.
The corresponding consolidations of the same cartilage layer, subjected to the same loads, were measured using an endoprosthesis of identical size to that of the pressure-instrumented unit, but with an integral, flush mounted ultrasonic transducer monitoring the distance to the calcified cartilage interface, see Fig. 2 .
Methods-Numerical Simulation
The experimental data on cartilage layer geometry, modulus and permeability, and the histories of the total surface stress and displacement were applied to a finite element model of the acetabular articular cartilage layer to estimate surface flow into the interarticular gap and to calculate the solid (cartilage network) stress and fluid pressure distributions on and in the cartilage layer. The experimental determination of two boundary conditions, i.e., the total surface stress and the surface displacement, eliminates the need to model the load sharing at the articular surface based on assumptions.
A total stress (Biot) formulation was used, making this more a consolidation than a mixture analysis, but of course the underlying physics are the same. For detailed discussion see [8] .
The finite element model, adapted from STAP [2] , discretized the cartilage layer in the acetabulum into three equal layers radially, and 9 deg sectors in both orthogonal and circumferential directions and had 1300 degrees of freedom. Strains in the porous layer are assumed uniaxial, i.e., dis-placements of the matrix are constrained to the vertical (radial) direction (a spherical coordinate system was used to reflect the spherical geometry of the human hip joint). Shear and lateral strains in the cartilage are assumed to have negligible effect due to the large area-to-thickness ratio of the loaded cartilage and cartilage fixation to bone. The fluid was assumed Newtonian (experiments were done in a saline bath and the assumption seems acceptable for the movement of free water within the cartilage). No assumptions are made concerning the direction of fluid flow; hence pressures can vary both vertically and laterally in the layer. Bone is taken as a rigid support, i.e., zero displacements are assumed at the cartilage-to-bone interface. Figure 3 summarizes the model and its boundary conditions. The cartilage layer geometries and local thickness distribution are measured parameters, as are the cartilage moduli and
Fig. 2 Endoprosthesis instrumented for consolidation measurement
permeabilities. Known parameters also include the measurements of the total surface stress and the cartilage surface displacements from the loading experiments. The unknowns are the fluid flow velocities normal to the cartilage surface, the fluid pressures in the cartilage layer and the cartilage matrix solid stresses. Appendix A describes the coupled solid-fluid finite element formulation. For detailed treatment of the problem see, for example, Desai and Christian [4] . The numerical procedure used to solve for the stress and fluid flow distributions in the cartilage layer is outlined in Fig. A- l. An initial solution assumed the total surface stress as measured and zero surface flow (normal flow out of the layer). This calculation produced surface displacements different from those measured. The difference between the predicted and measured surface displacements was backsubstituted to calculate the surface flows (still with the same total surface stress condition). In other words, the layer is allowed to "weep" to satisfy the experimentally measured boundary conditions. Quadratic interpolation was used for the displacements of the solid matrix, and linear interpolation for the fluid pressures.
Results-Experimental
For the specific acetabulum selected for the study, Figs The prosthesis displacement along the load axis, that is, the overall cartilage consolidation versus time, is given in Fig. 6 for the three step loads applied; in Fig. 7 , the results of one test (900 N) are presented on a log-log scale. The rate of penetration of the prosthesis into the acetabulum always decreases very quickly, as noted by Rushfeldt [30] . In tests reported here the initial rate of penetration is actually lower for higher loads, see Discussion. Since the loader is spherical of known radius and the unloaded cartilage surface geometry is known, the local consolidation can be calculated.
Results-Numerical Simulation
Using the FEM formulation, the surface flow, at and normal to the cartilage surface (i.e., weeping), for two loads-450 N and 900 N-were calculated. Time steps of thirty seconds were used for the simulation (about 0.01 of the layer time constant). Solutions were calculated for only forty time steps since the consolidation rate changes very little after 20 minutes. The calculated surface normal fluid velocity fields, Figs. 8(a), {b) of the fluid flow through the interarticular gap was done, an average conductance to flow in the gap was calculated from the ratio of total gap volume flow rate to average fluid pressure gradient. Figure 10 shows the time history of the relative interarticular gap conductance-the ratio of the average interarticular gap conductance to the conductance of the cartilage layer (permeability times thickness)-for both load cases. The initial gap conductance is higher for the smaller load, consistent with the experimental observation that the consolidation rate is greater. The gap conductance decreases with time to a minimum value that is nearly the same for both loading cases. The partitioning between fluid and solid (network) stress on the cartilage layer versus time is shown in Fig. 11 . Fluid pressure supports most of the load, even for long elapsed times. The difference between fluid pressure in cartilage near the bone (deep pressure) and at the cartilage surface (film pressure), which is a consequence of radial flow into the gap, decreases with time. [32, 39] of virtually the same diameter [38] , upon which are superimposed undulations of about 75 micrometers RMS above and below the mean surface, with wavelengths of millimeter scale. These small variations from sphericity influence the sealing process. When loaded, the higher ridges contact first, and their patterns of contact comprise the seals, with the resulting valleys forming the passages, accounting for the nonuniform pressure distributions seen both in vitro and in vivo [31, 33, 10, 11] , These data exhibit high local maxima, irregular and idiosyncratic isobars, and steep pressure gradients, reflecting the localized sealing in the interarticular gap.
Discussion
The higher than average upper zone permeability of cartilage, and hence its faster response, facilitates contact and sealing even during initial loading and movement of the joint (following say a prolonged period of inactivity which presumably would allow for full swelling of the cartilage to its state observed by our instrumentation in vitro). Deviations from sphericity arising from swelling will diminish after some minutes of joint use with opposing surfaces approaching ideal congruency.
The very fact that the pressure transducers in the instrumented femoral endoprosthesis are less than 10 millimeters apart yet report pressures different by megapascals demonstrates the efficiency of intervening seals. A macroscopic man-
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Transactions of the AS ME ifestation of the influence of these minor surface undulations is the effect of load orientation on the measured pressure distribution. Small variations in the direction of the load vector which the instrumented ball presents to acetabular cartilage dramatically change the local pressure peaks and isobars in the pressure distribution [18] . Thus the local fluid pressures and flows are strongly influenced by the detailed geometries and constitutive properties of the opposing cartilage layers, since these control the gap resistance and the fluid feed into, and flow through the gap, and hence determine the surface stress.
Temporal Response to Joint Loading. The time response of cartilage deformation, i.e., its consolidation, is determined by the complex conditions of gap sealing. The experimental observation that a higher step load results in an initially slower consolidation (see Fig. 6 ), is probably due to higher surface stresses sealing the interarticular space more rapidly, with local elastic deformation reducing flow by leveling the cartilage surface undulations. In all cases studied, an abrupt change in consolidation behavior, see Fig. 7 , occurred at a total consolidation of about 60 micrometers-close to the RMS average of the deviations from sphericity at the surface. For the 900 N case this occurred at about two minutes after loading, by which time the hills have presumably been flattened (hills can be pushed into the valleys rather fast since little net volume change, i.e., fluid flow through the network, is required) and the contact area has increased to near its maximum. This coincides with a sharp drop in the gap conductance, see Fig. 10 . Our model did not include nonlinear permeability [16] and nonlinear changes in the cartilage modulus [42] both of which should also influence transient behavior.
The relative conductance of the of the interarticular gap to the conductance of the cartilage layer decreases with time from about 1 to less than 0.05. The volume flow rate in the interarticular gap relative to that in the layer decreases in about the same proportion because the relative conductance of the path of vertical (radial) flow in cartilage is much greater than that for lateral (tangential) flow in the gap. The fluid pressure, which supports 90 percent of the load even after 20 minutes, is approximately constant with depth at any location in the joint. The solid stress in the cartilage matrix (network) remains low-never above 0.4 MPa and typically about 0.1 MPa. Thus in the normal joint the cartilage network does not appear to be unduly stressed.
Comparisons With Synovial Joint Theories. Our study confirms the 1959 hypothesis of McCutchen that the synovial joint functions by supporting the load mainly by fluid pressure. McCutchen's 1962 experiments [24] used small cartilage-covered bone specimens against glass, with fluid flow only out of the layer and into the gap. Thus weeping from the cartilage compensates for the fluid loss via the gap path, with weeping related to imperfection of the sealing. When, in our experiments described earlier, we load a cartilage layer by a solid impervious ball against an intact acetabulum, the increase of the gap resistance by a factor of 20 reduces weeping flow by about the same amount-an ideal seal with infinite resistance would shut it off completely. In this context the customary use of the term "lubrication" may be somewhat misleadingthe weeping mechanism proposed by McCutchen explains how cartilage functions as a load support system. Weeping reduces friction and wear by reducing the magnitude of contact solidon-solid (i.e., matrix) stresses, not by reducing the coefficient of friction at the sites of contact.
The results of this study dispute the assumptions of "boosted" lubrication [5] . In order to satisfy both experimentally determined boundary conditions, i.e., the total surface stress and the surface displacement, our FEM analyses always required the fluid to flow out from the surface. The "boosted" lubrication theory assumes the flow is directed into the layer. Our research show that during the consolidation phase of cartilage this inward flow does not occur. Osmotically induced flow (imbibition) into the cartilage only occurs during unloaded phases [44] .
Our in vitro and in vivo experimental pressure data, which show local pressures at transducers millimeters apart varying by megapascals, argue against the elastohydrodynamic hypothesis of synovial joint lubrication [5] . In human-designed elastohydrodyfiamic bearings the load-supporting area is comprised of a uniform pressure-field, coupled with the essentially uniform clearance, surrounded by a reduced clearance perimeter, which for such bearings comprises the seal. In the synovial joints at the hip our research indicates that the seal is distributed over the entire "contact" area, a consequence of component congruency and the small surface irregularities described in Fig. 4(a) .
The cartilage covered bone of synovial joints lacking the geometric congruity of the hip joint, for example the knee joint, would appear to preclude sealing. While the squeeze film hypothesis has been analyzed for short-time (several seconds) loading of a simplified model [12] , it cannot explain effective joint performance during long-duration loading, such as in extended standing. The knee menisci likely extend the cartilagecovered areas to achieve improved congruency for the sealing function. The clinical observation of knee cartilage deterioration following meniscectomy is consistent with this interpretation.
Relating This Study to the Normal Intact Joint.
Since the experiments conducted here and the FEM analyses were for a rigid sphere contacting acetabular cartilage, essentially half of a natural joint bathed in saline, questions of relevance to the natural joint with two opposing cartilage layers and synovial fluid arise. During imbibation, the depositing of high molecular weight synovial fluid components on the cartilage surface due to its small effective pore size must increase the viscosity of the interarticular fluid in the gap and most likely make the viscosity shear-rate dependent, challenging our simplifying assumption of a Newtonian fluid. However, Dowson [5] has noted "that the viscosity of synovial fluid in the major load bearing joints can be little more than twice that of water" due to the high shear rates resulting from even small motion, given the miniscule interarticular clearance which we estimate to be 10-20 ixm [46] . While no direct quantitative extrapolation of interarticular gap flow from our results to that of the natural joint can be made, the load partitioning summarized on Fig.  11 should not be substantially different. The gap resistance should be dominated by the same factors observed hereleveling of the surface undulations with a corresponding increase in the congruency and the sealing of contact areas. As the flow into the gap becomes small compared to the tangential flows within the cartilage layers, any lack of symmetry across the gap (different constitutive properties of the layers or the layers in different states of swelling) may well drive the flow from one layer across the interarticular gap and into the other layer. This, however, does not in any way change the crucial aspects of the load supporting mechanism, i.e., maintenance of the pressurized fluid within the layers by efficient sealing of escape routes, particularly that via the interarticular gap.
The solid and fluid stresses of Fig. 11 show that most of the load is supported by fluid pressure, even during high initial gap conductance due to low contact area. This however occurs at the expense of high consolidation rate which, if it were to persist, would threaten cartilage function by both excess straining of the network and increase of the friction. Even under the severe conditions of a long-term, static load in vitro (hardly physiological), the network stress in cartilage is minimal. When the joint is unloaded (as during the swing phase of walking), fluid is reimbibed into the. interarticular gap; the osmotic pres-sure of 0.2 MPa that proteoglycans can generate, in combination with the now increased gap conductance, compensates for fluid loss during the stance phase. The gap functions as a control valve-under high loads (and corresponding pressures of many MPa) it closes down to minimize fluid loss-under low loads it opens up to allow the very moderate osmotic pressure to reimbibe the fluid. Dynamic simulation of joint action, performed by Tepic [41, 43] incorporating the estimates of interarticular resistance developed in this paper, has produced distributions of the total stress on the cartilage throughout the walking cycle which are comparable to direct experimental measurements in vitro and in vivo. His model ' included measured geometries and constitutive properties of both acetabular and femoral head cartilage layers of the same normal joint and generated alternating patterns of fluid exudation and imbibition [44] .
With fluid supporting over 90 percent of the load, cartilageto-cartilage contact areas are protected from high normal stresses. The very low coefficients of friction measured on cartilage are thus the result of the total stress partitioning as well as of the efficient lubrication of the actual contact areas. Indeed, McCutchen [24] had demonstrated this in his cartilage covered bone specimens against glass experiments. With prolonged loading and consolidation of the cartilage the coefficient of friction increased from 0.02 to 0.2 (as high as 0.4 for very long time). For the small areas of cartilage he tested this increase occurred after 30 minutes of loading. A normal joint with good component congruency and therefore much larger apparent contact area, with well sealed interarticular space, would require many, many hours to consolidate so as to increase friction to that level. A boundary lubrication mechanism, which probably relies on Swann's "lubricating glycoproteins" [36] , is important, since the networks of opposing cartilage layers do make contact and that is where most of the friction occurs. But the weeping mechanism, producing a fluid film, makes the task of gliding lubrication of the cartilage networks at least an order of magnitude easier.
Relating This Study to Osteoarthritis. The crucial role of the interarticular seal demonstrated in this study suggests how mechanical factors vital to cartilage function in a normal synovial joint may play a role in its failure in osteoarthritis. A common pathway to cartilage destruction may be the gradual deterioration of the interarticular seal. Seal deterioration, allowing increased fluid exudation, will increase cartilage consolidation and network strain, and therefore solid surface stresses. These in turn will also lead to higher-ultimately an order of magnitude-frictional losses, with the resulting temperature rise causing pathological cellular reactions. The substantial increase of the equilibrium stiffness of cartilage at approximately 40 percent compression suggests that significant irreversible damage may occur in the cartilage network under such conditions. The overstressed network is likely subjected to fibrillation and crevassing, the morphological manifestations of osteoarthritis. How cartilage constitutive properties, cartilage surface conditions and cartilage layer geometry affect the seal integrity, i.e., the interarticular gap resistance, as well as the detailed nature of the seal itself [46] , needs to be studied. Experiments on the strength of cartilage under more physiological conditions, such as those described herein, might provide evidence that increased stress through loss of interarticular sealing can lead to destruction of cartilage.
The referenced dynamic hip joint simulation analyses [41, 43, 44] predicted the topographical distribution of heat generation by friction in the joint and led to physical experiments to confirm the predicted temperature rise [45] . Whole hip joints with thermistors placed in their calcified cartilage zones were "walked" in the hip simulator. Measured temperature rises, extrapolated to the cartilage surface, indicated temperatures up to 4 degrees Celsius above the isothermal, body temperature, bath.
2 These in vitro measurements of the thermal effects of normal joint friction (the joints tested had no signs of cartilage degeneration) led to experiments exposing chondrocytes to elevated temperatures. Chondrocytes, as do most other types of cells, responded by production of heat shock proteins, suggesting a possible genetic component (inherited inability to survive overheating) in osteoarthritis [20] .
APPENDIX A Finite Element Formulation
The finite element equations for equilibrium are derived from the principles of virtual displacements and velocities [2] . These state that for any compatible, small, virtual displacements and velocities imposed on the body, the total internal energy and external virtual work are equal:
[ [Vop T q + 5p T (V-q)]dV= ( 5p T q s dS (2) where Se are the virtual strains, Su are the virtual displacements, 5p are the virtual pressures, T are the actual stresses, and q are the actual flows with q s the surface flux. The body forces per unit volume are represented by f B and f 5 are the surface tractions.
Equation (1) is a statement of virtual work due to total stress. Equation (2) accounts for an added degree of freedom, since, for a given total stress on a volume of fluid, the compressibility of the fluid can allow energy storage through pressure-volume effects. Equation (2) is a statement of virtual work due to this added degree of freedom.
The field variables in any element are approximated by the interpolation matrices which relate them as a function of the nodal values. 
Equations (1) and (2) In the finite element formulation, external work due to body forces is irrelevant. Therefore, imposing unit virtual displacements and pressures at all the nodes, the equilibrium equations can be written as:
K u fl + Lp = R (12)
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where the "stiffness" matrices and "load" vectors are: 
The finite element Eqs. (12) and (13) are solved via a fully implicit time integration scheme. This is unconditionally stable and has the advantage that the system matrix can be assembled once, triangularized, and stored: the solution at each time step simply requires calculation and back substitution of the appropriate load vector, Eqs. (19) and (20) . 
